Purpose: The purpose of this study is to develop double diffusion encoding (DDE) MRI methods for clinical use. Microscopic diffusion anisotropy measurements from DDE promise greater specificity to changes in tissue microstructure compared with conventional diffusion tensor imaging, but implementation of DDE sequences on whole-body MRI scanners is challenging because of the limited gradient strengths and lengthy acquisition times. Methods: A custom single-refocused DDE sequence was implemented on a 3T whole-body scanner. The DDE gradient orientation scheme and sequence parameters were optimized based on a Gaussian diffusion assumption. Using an optimized 5-min DDE acquisition, microscopic fractional anisotropy (mFA) maps were acquired for the first time in multiple sclerosis patients. Results: Based on simulations and in vivo human measurements, six parallel and six orthogonal diffusion gradient pairs were found to be the minimum number of diffusion gradient pairs necessary to produce a rotationally invariant measurement of mFA. Simulations showed that optimal precision and accuracy of mFA measurements were obtained using b-values between 1500 and 3000 s/mm 2 . The mFA maps showed improved delineation of multiple sclerosis lesions compared with conventional fractional anisotropy and distinct contrast from T 2 -weighted fluid attenuated inversion recovery and T 1 -weighted imaging. Conclusion: The mFA maps can be measured using DDE in a clinical setting and may provide new opportunities for characterizing multiple sclerosis lesions and other types of tissue degeneration. Magn Reson Med 80:507-520,
INTRODUCTION
Diffusion MRI is a noninvasive tool for studying tissue microstructure via measurement of water diffusion (1) (2) (3) . The apparent diffusion rate of water molecules is affected by characteristics of tissue microstructure such as the presence of cell membranes, membrane permeability, cell density, size, orientation, and shape. One application of diffusion MRI in the brain is assessing white matter microstructure. Because of the eccentric shape of axons, water diffuses preferentially along their length, creating anisotropic diffusion. Anisotropic diffusion is most commonly captured by fitting diffusion MRI data to the diffusion tensor model (4) . The fractional anisotropy (FA) metric derived from diffusion tensor imaging (DTI) describes the degree of diffusion anisotropy, and is widely used to assess neurodegeneration (5) (6) (7) (8) (9) (10) (11) .
Unfortunately, the use of FA as a marker of white matter integrity is problematic (12) . One issue is that FA does not distinguish a loss of axon integrity from changes in fiber coherence, as both result in lower apparent diffusion anisotropy. Net diffusion anisotropy within a voxel (macroscopic diffusion) is not necessarily reflective of the anisotropy within subvoxel microenvironments (microscopic diffusion), which may exist even if the macroscopic diffusion is isotropic. In contrast to conventional single diffusion encoding (SDE) acquisitions (13) , the double diffusion encoding (DDE) pulse sequence (14) (15) (16) (17) (18) encodes diffusion twice, along two orientations, before the readout (Supporting Fig. S1 ). DDE belongs to the greater family of diffusion pulse sequences that gain additional microstructural information by altering the shape of the b-tensor (19) (20) (21) (22) (23) (24) . Changing the angle between the first and second encoding direction creates planar b-tensors, which enables quantification of microscopic diffusion anisotropy independent of orientation dispersion (25) . DDE MRI has shown the ability to probe microscopic diffusion anisotropy in phantoms (e.g., microcapillary tubes) (26) (27) (28) , in vitro cells (e.g., yeast) (29) , and ex vivo animal tissue (16, 30) . DDE MRI has also recently been extended to in vivo human neuroimaging, demonstrating sensitivity to microscopic anisotropy in white matter and deep gray matter regions (30) (31) (32) (33) (34) (35) (36) (37) . Metrics such as microscopic anisotropy (MA) (38) , fractional eccentricity (FE) (39) , or microscopic fractional anisotropy (mFA) (23, 40) have been formulated to quantify microscopic diffusion anisotropy in a manner analogous to FA without the confound of orientation dispersion. Promising applications for mFA measurements have been demonstrated using magic-angle spinning of the q-vector imaging in brain tumors and the human prostate (22, 41) .
Despite growing interest in DDE and the improved specificity of mFA over traditional FA maps for assessing changes in tissue microstructure, implementing and using DDE sequences in a clinical setting remains a challenge. The conventional gradient systems (e.g., 50-mT/m strength, 200-T/m/s slew rate) on whole-body MRI scanners lead to long echo times, and consequently low signal-to-noise ratio (SNR) for DDE signals. Furthermore, acquiring both orthogonal and parallel diffusion gradient pairs results in longer acquisition times compared with SDE sequences. The long echo times required by DDE have recently been addressed through numerical optimization of the diffusion-encoding gradient waveforms (i.e., diffusion encoding schemes) (41, 42) . Although several DDE gradient orientation schemes have been proposed (37) (38) (39) , the effect of the gradient orientation schemes and sequence timings on DDE measurements of microscopic anisotropy have not been rigorously studied, especially with a view toward improving performance on whole-body MRI scanners.
In this study, DDE acquisition and analysis methods were developed for use in a clinical setting. A custom DDE sequence was implemented on a 3T GE whole-body MRI scanner (GE Healthcare, Madison, WI, USA). The gradient-encoding scheme and sequence parameters were optimized based on a Gaussian diffusion assumption to generate robust microscopic diffusion anisotropy measurements in a clinically feasible scan time of 5 min. Microscopic anisotropy measurements were performed on a group of healthy volunteers and multiple sclerosis (MS) patients to demonstrate the ability of DDE to improve the specificity of measurements of tissue microstructure in a clinical setting.
THEORY
The long mixing time DDE signal is sensitive to microscopic diffusion anisotropy through a signal modulation that occurs when the angle between the first and second diffusion-encoding directions (G 1 and G 2 in Supporting  Fig. S1 ) is varied. In an anisotropic medium, the signal modulation is dependent on both macroscopic (net) anisotropy and microscopic (compartment shape) anisotropy. To isolate microscopic anisotropy, the signal dependence on macroscopic anisotropy should be removed by averaging (43) the signal over all rotations as follows:
where R is a rotation matrix; SOð3Þ :¼ fR 2
; detðRÞ ¼ 1g is the set of all rotation matrices;ê 1 andê 2 are unit vectors aligned with G 1 and G 2 with relative angle, c, and q ¼ gGd. The amplitude of the resulting modulation is representative of the anisotropy in diffusion-tensor eigenvalues in the pore frame of reference.
The integral in Equation [1] can be approximated by sampling a set of gradient orientations as Sðq; cÞ % 1 jxj
where x is the set of rotations sampled. A uniform sampling of all possible gradient-encoding rotations requires an encoding scheme with (i) parallel/antiparallel diffusion gradient pairs uniformly distributed over a sphere;
and (ii) M orthogonal diffusion gradient pairs uniformly rotated within N encoding planes, whose normal vectors are uniformly distributed over a sphere for a total of N Â M orthogonal gradient encoding pairs (44) . The 5-design on the rotation group (44) is a sampling method that allows accurate approximation of the integral in Equation [1] up to a fifth-order polynomial (39, 44) . The 5-design sampling scheme consists of 12 planes with normal vectors on the vertices of an icosahedron with five uniform rotations in each plane. Because the DDE signal modulation is contained in the fourthorder term in q, a 5-design is theoretically sufficient for computing the integral.
However, the 5-design was created to account for nonGaussian microscopic diffusion (restricted diffusion), which is accessible using high-performance gradient systems available on small-bore scanners. The assumption of Gaussian diffusion within individual microenvironments (time-independent diffusion) is reasonable for S/ S 0 >0:1 (45), which typically holds for clinical whole body scanners. A Gaussian model imposes symmetries that further decrease the sampling requirements compared with the 5-design, and allows for a more efficient gradient orientation scheme. If Gaussian diffusion in all microenvironments is assumed, then applying two orthogonal diffusion gradients is equivalent to taking the trace of the in-plane diffusion tensor. Because the trace operation is rotationally invariant, sampling multiple inplane rotations does not provide additional information. By removing redundant in-plane rotations, the 5-design on the rotation group can be reduced from 60 orthogonal gradient orientations to only 6 orthogonal gradient orientations situated on unique encoding planes. The new minimal gradient orientation scheme allows faster acquisitions and more flexible diffusion acquisition schemes.
Several metrics of microscopic diffusion anisotropy that can be derived from DDE data have been proposed. Microscopic anisotropy (MA) (38) is based on the Taylor expansion and is designed to reflect the cell eccentricity described using the pore density function. For the averaged DDE signal, MA can be expressed as
where S 0 is the signal without diffusion weighting; S k is the signal with parallel diffusion gradient pairs (C ¼ 0 Þ;
S ? is the signal with orthogonal diffusion gradient pairs (C ¼ 90 Þ; and
k is the square of the denominator in the definition of FA. More recent approaches are derived from the cumulant expansion of the diffusion signal (20, 23, 46) . Microscopic fractional anisotropy (mFA) quantifies diffusion anisotropy without the confound of fiber orientation dispersion. The mFA is comparable to the FA in any composition of tissue in which all anisotropic domains are ordered to be parallel. In the original formulation for magic-angle spinning of the qvector imaging (23) , mFA was determined by exploiting the different signal decay curves derived from spherical versus linear b-tensors. An equivalent expression termed "fractional eccentricity" (FE) (39,40) was developed based on the difference between the log of the averaged signal from parallel and orthogonal diffusion gradient pairs in DDE, as follows:
where eq 4 ¼ logðS k Þ À logðS ? Þ, and D is the diffusion tensor. For clinical scanners in which the gradient durations are nonnegligible, this study presents a modified expression for FE that is described in terms of the bvalue, which introduces a ðD À d=3Þ correction for the diffusion time, as follows:
where e ¼ logðS k Þ À logðS ? Þ, b ¼ 2ðgGdÞ 2 ðD À d=3Þ is the b-value of the entire DDE, and D is the diffusion tensor. Note that Equation [5] is a specific case of the general definition of mFA based on the average and variance of apparent diffusivities, which is applicable to arbitrary waveforms (23) .
METHODS

Simulation Data
A DDE sequence was simulated using the MISST toolbox (47) (48) (49) , which uses the matrix propagator method to calculate the diffusion signal for a variety of diffusion models and arbitrary gradient waveforms. Simulations were performed with sequence timings listed in Table 1 .
Sim-1a
To determine the minimal gradient orientation scheme, diffusion was simulated within 150 infinite cylinders uniformly distributed over a sphere using the electrostatic repulsion algorithm (50) with radii from 0 to 10 mm and an intrinsic diffusivity of 2 to 3 mm 2 /s. The bvalue was 1910 s/mm 2 . The apparent radial diffusivities of the simulated cylinders have been tabulated in Supporting Table S1 . For parallel diffusion gradient pairs, 30 diffusion directions were uniformly sampled over a sphere. For orthogonal diffusion gradient pairs, the normals to the encoding planes were selected in N ¼ {4, 6, 12, 18, 36} directions uniformly distributed over a sphere with M ¼ {1, 2, 3, 4} in-plane rotations. The in-plane rotations are distributed evenly within the encoding plane, avoiding symmetric rotations (i.e., 90 mod M). A mixing time of 34 ms was used for these simulations.
Sim-1b
Further simulations were performed to determine the effect of the b-value and mixing time on in-plane rotations. Diffusion was simulated within an infinite cylinder with radii from 1 to 20 mm aligned with the x-axis, with diffusion gradients applied in the x-y plane. 
Sim-2
To determine the precision and accuracy of mFA measurements, simulations were performed using a multitensor diffusion model with different tensor sizes and shapes, b-values, and noise levels. Specifically, diffusion was simulated using 30 prolate tensors with identical FAs between 0 and 1, with orientations evenly dispersed over a sphere and a mean diffusivity of 0.1, 0.6, 0.8, 1.0, and 1.5 mm 2 /ms. A gradient orientation scheme with 24 parallel diffusion gradient pairs and N Â M ¼ 6 Â 4 orthogonal diffusion gradient pairs was used for all simulated data. Sixteen b-values between 500 and 8000 s/ mm 2 were simulated. Rician noise was introduced to the signal to produce 10,000 noisy measurements with SNRs of 10, 20, 50, 100, and 200 for the non-diffusionweighted signal.
Experimental Data
Data were acquired in accordance with internal review board approval on a 3T whole-body MR system (MR750, GE Healthcare; 50 mT/m, 200 T/m/s gradients) equipped with a 32-channel phased array head coil (Nova Medical, GE Healthcare). A custom DDE pulse sequence was developed consisting of a single-refocused spin-echo echo-planar imaging sequence with bipolar diffusion gradients on either side of the refocusing pulse (34) (Supporting Fig. S1 ). A fat saturation prepulse combined with slice-select gradient reversal was used for fat suppression.
Exp-1
To empirically verify the minimal gradient directions scheme, data were acquired on two healthy volunteers using the 32-channel Nova head coil with the sequence parameters described in Table 1 under Experiment 1. To assess the effect of in-plane rotations of orthogonal diffusion gradient pairs on the raw diffusion signal, 72 measurements with G 1 and G 2 along the x-and y-axis, respectively (data set 1a), and 72 measurements with G 1 and G 2 rotated by 45 were acquired (data set 1b). Additional data were acquired using 24 parallel diffusion gradient pairs and N Â M ¼ 6 Â {1, 2, 4} orthogonal diffusion gradient pairs to verify the effect of in-plane rotations (M) on mFA measurements (data set 2). To test the effect of the number of encoding planes (N) on mFA measurements, data were acquired with 36 parallel diffusion gradient pairs and N Â M ¼ {4, 6, 12, 36} Â 1 orthogonal diffusion gradient pairs (data set 3). The total number of measurements/scan time was kept equivalent for all gradient orientation schemes by repeating measurements for schemes with fewer diffusion encodings. For data sets 2 and 3, acquisitions were repeated with the gradient orientation scheme rotated to maximize the distance between the sampled gradient directions.
Exp-2
To assess changes in microscopic anisotropy within MS patients, DDE images were acquired on six relapsingremitting MS patients (5 females, 1 male, 30-58 years old) and eight healthy volunteers (7 females, 1 male, 30-62 years old) using the 32-channel GE head coil with scan parameters listed in Table 1 under Experiment 2. A DDE gradient orientation scheme with 24 parallel and 24 orthogonal diffusion gradient pairs was used for a total scan time of 5 min. Additional SDE-DTI, T 2 -weighted fluid attenuated inversion recovery (T 2 -FLAIR) and T 1 -weighted inversion recovery spoiled gradient recalled (T 1 -IR-SPGR) images were acquired for each subject with parameters listed in Table 1 (Experiment 2).
Image Processing
The SDE-DTI and DDE images were corrected for eddy current distortion and bulk motion using the "eddy" function from the FMRIB Software Library (FSL) (51, 52) . For DDE images, the second diffusion direction was used as the input for the eddy current correction, as the eddy currents generated by the second gradient pair are more significant during the readout (53) . The mFA was calculated from the DDE images according to Equation [5] . The diffusion tensor model was fitted to the SDE-DTI images using FSL's "dtifit" function to compute FA.
Analysis
Sim-1a
To evaluate the rotational invariance of the gradient orientation scheme, the coefficient of variation (std. dev./ mean Â 100) of mFA was computed for simulated signals across 150 unique cylinder orientations.
Sim-1b
The effect of in-plane rotations on the diffusion signal was quantified by computing the coefficient of variation across simulated diffusion signals for orthogonal gradient encodings with different in-plane rotations.
Sim-2
To evaluate the precision and accuracy of mFA measurements, the mean and standard deviation of simulated mFA measurements within a multitensor system were compared with the nominal mFA. The standard deviation across measurements with Rician noise was used to determine the precision of mFA measurements for a given bvalue, noise level, and nominal mFA. The accuracy of the mFA measurements was evaluated by computing the mean measurement across all noisy measurements and comparing them with the nominal mFA.
Exp-1
The 72 measurements with G 1 and G 2 along the x-and y-axis, respectively (data set 1a), and 72 measurements with G 1 and G 2 rotated by 45 (data set 1b) were compared using a paired t-test for each voxel in the brain. In addition, the root mean square difference (RMSD) was computed among the mean images for (i) two halves of data set 1a, (ii) two halves of data set 1b, and (iii) one half each of data sets 1a and 1b. The mFA was computed for the in vivo data acquired with each gradient orientation scheme from Exp-1 data sets 2 and 3 (6 Â {1, 2, 4}, {4, 6, 12, 36} Â 1). The resulting mFA maps were compared within regions of interest (ROIs) drawn in the corpus callosum and the centrum semi-ovale, representing regions of low-and high-fiber orientation dispersion, respectively.
Exp-2
The mFA and FA of healthy controls and MS patients were compared within several ROIs in the white and deep gray matter. Lesion ROIs were manually drawn on the T 2 -FLAIR images and T 1 -weighted images. Volumetric segmentation of the deep gray matter structures on the T 1 -weighted images was performed using FreeSurfer software (54) , producing ROIs of the global white matter, putamen, and thalamus. The non-diffusion-weighted images from SDE-DTI and DDE acquisitions were linearly coregistered to T 2 -FLAIR images and T 1 -weighted images using FSL's "flirt" function (55) . The resultant affine matrices were inverted to transform ROIs to the diffusion image space. In diffusion image space, these ROIs were eroded by thresholding voxels with greater than 20% partial volume with adjacent tissues. Voxels corresponding to T 2 -FLAIR abnormalities were removed from the resulting ROIs.
The ROIs in the corpus callosum, the internal capsule, centrum semi-ovale, and a crossing fiber region within the frontal subcortical white matter were manually drawn on the FMRIB58 FA standard-space template as shown in Supporting Figure S2 . T 1 -weighted and T 2 -FLAIR images were nonlinearly registered to the MNI152 standard-space T 1 -weighted average structural template using the "reg_f3d" function from NiftyReg software (56) with the linear transformation from NiftyReg's "reg_aladin" as initialization. The resulting distortion fields were used to transform the manually drawn lesion ROIs into MNI space. A combined lesion ROI was generated to allow comparison of lesioned tissue in MS patients with similar regions of healthy tissue in controls. The FA maps generated from the DDE and DTI acquisitions were nonlinearly registered using FSL's "fnirt" function (57) to MNI space using the FMRIB58 FA standard-space image template as the reference. The resultant distortion fields were inverted and used to transform ROIs from MNI space to the diffusion image space. Voxels corresponding to T 2 -FLAIR abnormalities were removed from the corpus callosum, internal capsule, centrum semi-ovale, and frontal subcortical white-matter ROIs.
The mean and standard deviation of mFA and FA were measured within the ROIs. The mFA and FA of healthy controls and MS patients were compared using a singletail two-sample t-test with unequal variance for ROIs within the normal-appearing global white matter, putamen, thalamus, corpus callosum, internal capsule, centrum semi-ovale, and frontal subcortical white matter, as well as within regions displaying T 1 and T 2 abnormalities on the MS images. The measurements were repeated in FA maps generated from DTI data, down-sampled to 3-mm isotropic data as well as from DDE data. Finally, the Pearson correlation between mFA values and T 2 -FLAIR and T 1 -weighted image intensities within MS lesions and global white matter of healthy controls was computed.
RESULTS
Optimizing the Gradient Orientation Scheme
Sim-1 Figure 1a shows a plot of the simulated DDE signal for an infinite cylinder aligned with the x-axis with intrinsic diffusivity of 2 mm 2 /ms with radius of 5 mm as a function of the angle between the first and second diffusionencoding directions, C. The thin lines in Figure 1a represent the signals from different in-plane orientations of the diffusion gradient pairs, which are applied in the x-y plane. For nonorthogonal diffusion gradient pairs, the signal curve changes for each in-plane orientation. For orthogonal diffusion gradient pairs, the signal remains constant regardless of in-plane orientation. Figure 1b shows a similar plot for a cylinder of radius 20 mm, demonstrating the effect of restricted diffusion when the mixing time is short relative to the cylinder radius. Figure  1b shows an additional modulation of the signal with c, and the signal is no longer constant for different in-plane rotations when the diffusion gradient pairs are orthogonal (c ¼ 90 and 270 ). The magnitude of the restricted diffusion effect is quantified in Figure 1c . Figure 1c shows the coefficient of variation of the signal at c ¼ 90
for mixing times between 20 and 100 ms, and cylinder radii between 1 and 20 mm. The coefficient of variation was shown to be below 0.5% for cylinder radii smaller than 5 mm, mixing times longer than 20 ms, and b-values of 1910 and 4880 s/mm 2 . Changing the intrinsic diffusivity of the cylinder to 3 mm 2 /ms did not result in a significant increase in the coefficient of variation for radii below 5 mm as shown in Supporting Figure S3 . Figure 1d demonstrates the effect of the number of encoding planes on the rotational invariance of simulated mFA measurements for infinite cylinders of radius 0, 2, 5, and 10 mm. The coefficient of variation decreases significantly from four to six diffusion-encoding planes. For both an intrinsic diffusivity of 2 and 3 mm 2 /ms, the coefficient of variation was under 4% with six or more diffusion-encoding planes. Further improvements were found by using 12 or more diffusion-encoding planes for higher intrinsic diffusivities (3 mm 2 /ms).
Exp-1
The independence of DDE signal from in-plane rotations of the orthogonal diffusion gradient pairs was supported by empirical data. The DDE images, acquired with orthogonal diffusion gradient pairs (data set 1) are shown in Figures 2a and 2b . The average RMSD between the mean DDE image, acquired with orthogonal diffusion gradient pairs (data set 1a), and its rotated counterpart was 8.2% (data set 1b). By comparison, the RMSD between repeated measurements with the same in-plane orientation was 8.0%. Furthermore, a voxel-wise paired t-test demonstrated no significant differences between the two sets of images (P > 0.05). The mFA maps derived from the 6 Â 1, 6 Â 2, and 6 Â 4 gradient orientation schemes (data set 2) were qualitatively similar (Fig. 2c) . The effect of in-plane rotations on mFA was quantified by examining mFA within ROIs in the corpus callosum and the centrum semi-ovale for the 6 Â 1, 6 Â 2, and 6 Â 4 encoding scheme. Within each ROI, the mean mFA was similar for all three gradient orientation schemes, and the RMSD between the original and rotated scheme was on the same order as the standard deviation across all voxels within each ROI (Table 2 ). These results indicate that in-plane rotations do not contribute new information to mFA measurements in normal white and gray matter for the b-values and sequence timings typical of clinical scanners. Improved rotational invariance of mFA measurements with increasing number of encoding planes was also demonstrated with in vivo data (data set 3). Although the mFA maps were qualitatively similar (Fig.  2d) , the RMSD between rotated versions of the same gradient orientation scheme decreased for six versus four encoding planes, as reported in Table 2 .
Optimizing the Precision and Accuracy of Microscopic FA
Sim-2 Figure 3 displays the mFA, FE, and MA values calculated from simulated DDE signal of uniformly distributed prolate tensors along 150 uniformly distributed directions versus the average-tensor FA without orientation dispersion (single-tensor FA) ranging between 0 and 1. The mFA is the same as single-tensor FA for low diffusivities and low b-values, in which the cumulant expansion of the diffusion signal is accurate, but underestimates the single-tensor FA at higher diffusivities or higher b-values. Both previous formulations for FE and MA, which do not account for nonnegligible gradient durations, systematically underestimate the singletensor FA value at a gradient duration of 20 ms. Figure 4 demonstrates the performance of mFA for noisy signals from a multitensor system with mean diffusivity ¼ 0.8 mm 2 /ms, which corresponds to the expected apparent diffusivities found in white matter and gray matter (58) . The standard deviation of the mFA measurement is affected by a tradeoff between improved diffusion sensitivity and SNR. As shown in Figure 4a , the standard deviation of the mFA measurement improves as b-value increases from 0 to 1500 s/mm 2 , but the standard deviation increases above 3000 s/mm 2 . The mFA measurements display higher sensitivity to noise (i.e., higher standard deviation) at lower mFA values, as shown in (Fig.  4c) . The mean bias is caused by an overestimation of mFA at low mFA because of noise (Fig. 4d) and an underestimation of mFA at high b-values, because the cumulant expansion approximation is no longer valid (Fig. 3) .
Assessing Changes in Tissue Microstructure in MS Patients
Exp-2
The T 2 , T 1 , mFA, and FA images from a representative MS patient are shown in Figure 5 . Examples from all MS patients can be found in Supporting Figure 4 . Most of the hyperintense lesions on T 2 -weighted images correspond to hypo-intensities on both mFA and FA. However, the extent of hypo-intensities on mFA more closely reflects the extent of lesions on T 2 -weighted images compared with FA ( Fig. 5 red boxes and enlarged regions) . Lesions on FA are confounded by hypo-intensities caused by crossing fiber regions in the white matter (Fig.  5, green arrow) . In crossing fiber regions such as the centrum semi-ovale, reduced FA compared with the adjacent white matter is present in both normal and MS brains, whereas reduced mFA appears more specific to the presence of lesions in the MS brain.
The mean and standard deviation of mFA and FA measurements within MS lesions, normal-appearing white matter (NAWM), normal-appearing thalamus, and normalappearing putamen are given in Table 3 . The FA measurements from the clinical DTI sequence (2-mm isotropic) showed statistically significant differences between Note: Each scheme is denoted by N Â M, in which N is the number of encoding planes and M is the number of in-plane rotations. The rotated scheme rotates the original scheme to maximize the distance between the sampled directions. RMSD, root mean square difference controls and MS patients within regions corresponding to T 1 -weighted hypo-intensities (P < 0.02) and the global NAWM (P < 0.03). When the clinical DTI was downsampled to 3-mm isotropic resolution, the FA measurements retained statistically significant differences only for the global NAWM (P < 0.05). In contrast, the FA measurements from the DDE sequence showed statistically significant differences between controls and MS patients for regions corresponding to T 1 -weighted hypointensities (P < 0.04), but not for global NAWM. The mFA showed statistically significant differences between controls and MS patients for both regions corresponding to T 1 -weighted hypo-intensities (P < 0.03) and regions corresponding to T 2 -weighted hyperintensities (P < 0.03).
The mFA values were heterogeneous within and across lesions. Regions within the large confluent lesions in patient "MS 2" exhibit focal hypo-intensities in mFA (Fig.  6, red arrows) . The variations in mFA within lesions correlated strongly to T 1 -weighted image intensity, but not to T 2 -weighted image intensity; the mean correlation across all patients was R ¼ 0.76 6 0.07 and R ¼ À0.17 6 0.15 between mFA and T 1 -and T 2 -weighted image intensity, respectively. In contrast, no correlation was found between mFA and either T 1 -and T 2 -weighted image intensity in the NAWM of controls (R ¼ À0.01 6 0.06, R ¼ À0.09 6 0.06). The relationship between mFA and T 1 - Note: Control values in T 1 hypo-intense and T 2 hyperintense are given for the corresponding regions obtained using nonlinear registration of the lesion locations to MNI space. P values are given for statistically significant (P < 0.05) differences between controls and MS patients.
and T 2 -weighted image intensity within lesions and in healthy white matter from a representative MS patient and healthy volunteer is shown in Figure 7 .
DISCUSSION
The simulations and in vivo experiments presented here demonstrate that efficient measurements of microscopic anisotropy can be conducted in a clinical setting using whole-body MR scanners. The DDE imaging was performed for the first time on a group of relapsingremitting MS patients, and the results demonstrate the increased specificity of mFA measurements to lesioned tissue compared with conventional DTI estimates of FA. This clinical MRI implementation of DDE provides new possibilities for the assessment of neurological diseases. One key finding of this study is that there were no statistically significant differences between images acquired with orthogonal gradient encodings with different inplane rotations. Furthermore, the RMSD values for two images encoded with the same in-plane rotation versus two images encoded with different in-plane rotations were very similar (8.0 versus 8.2%). This supports the hypothesis that a Gaussian diffusion approximation for each domain within a voxel is valid within the context of a clinical DDE implementation (i.e., 50 mT/m gradient strength, 200 T/m/s slew rate). This is evident by the strong dependence of mFA measurements on the number of orthogonal encoding planes, but not on the number of in-plane rotations. In-plane rotations of orthogonal diffusion gradient pairs yield identical signals as long as the mixing time, T m , is sufficiently long compared with the restriction length, a, (T m > > a 2 /D). When the mixing time is insufficient, there is an additional signal modulation proportional to b 2 cosðcÞ (59), caused by timedependent diffusion. According to the simulation results, the signal variation caused by restricted diffusion effects are negligible ( < 5%) for cylinder radii below 8 mm for mixing times longer than 20 ms (Fig. 1c) . These requirements become more stringent at higher b-values, as the signal loss is more significant and the modulation is proportional to b 2 . Histological measurements in the corpus callosum and cortical white matter of the human brain suggest a range of fiber radii from 0.05 to 5 mm with the vast majority of radii under 1 mm (60,61). The simulation results suggest that the restriction effects at these length-scales would be limited (coefficient of variation < 0.05%) in the studied regime (Fig. 1c) . The restriction effects are further obscured in vivo as a result of the contribution of hindered diffusion in the extracellular space, and were not observed in the in vivo data.
Gaussian diffusion is an assumption that is implicit in popular white-matter tissue models such as NODDI (62) and advanced diffusion-encoding strategies such as magic angle spinning of the q-vector (24) and q-space trajectory imaging (20, 42) . However, previous DDE studies have not used the Gaussian diffusion assumption in the design of their gradient orientation schemes (37) (38) (39) . The dPFG-5 gradient orientation scheme (39) proposed by Jespersen et al for use on a small-bore NMR system uses the full 5-design, which includes 60 orthogonal diffusion measurements on six unique encoding planes. The MA96 gradient orientation scheme (37, 63) plane rotations and reversed gradient order and polarities to account for gradient cross terms and eddy currents. Although the MA96 scheme showed acceptable performance in vivo (37) , the simulations and in vivo data presented in this study suggest that there is a benefit to using six or more encoding planes with higher bvalues.
Another consequence of the Gaussian assumption for clinical DDE measurements is that increasing b-values beyond approximately 3000 s/mm 2 does not improve the robustness of mFA measurements in normal tissues (Fig.  4) , because the cumulant expansion, used to derive the expression for mFA, is no longer valid at higher b-values. This limitation is consistent with similar investigations in diffusion kurtosis imaging, which suggests an upper bound of 3000 s/mm 2 for SDE sequences (64) . For mFA measurements from DDE, future hardware improvements in slew rate (65) and gradient strength (66) (67) (68) (69) (70) (71) (72) would be best used for improving SNR by shortening echo time rather than increasing diffusion weighting. Consistent with prior studies (22, 23, 49) , low mFA values were found to be biased in the presence of noise (Fig. 4) , and would benefit greatly from improved SNR. Higher maximum gradient amplitudes and faster slew rates also could be used to enable measurements of non-Gaussian effects in DDE, but would benefit from a multicompartment model, which converge over a larger range of bvalues (62, 64, 73) , and/or a model that accounts for restricted diffusion (49, 74, 75) . Accounting for restricted diffusion is also important, as shorter diffusion times would introduce time-dependent diffusion, and the apparent mFA would be a function of the diffusion time.
The SNR of DDE measurements is inherently limited as a result of strong diffusion encoding and long echo times, resulting in significant signal attenuation. Although this study demonstrated that rotationally invariant measurements of mFA can be obtained in as few as 12 measurements (six parallel diffusion gradient pairs and six orthogonal diffusion gradient pairs), in practice, more measurements may be desired to improve SNR. Additional DDE measurements could also be acquired with diffusion gradient pairs in the reverse order, to help compensate for variations from gradient cross terms and eddy currents (34) . Advances in MR gradients (67,68) will enable additional degrees of freedom within the DDE sequence, such as the acquisition of multiple b-shells and/or multiple mixing times to provide information about the distribution of shapes and sizes of domains within a voxel (19) (20) (21) 76) . The additional degrees of freedom of these DDE acquisitions make it even more critical to understand the minimum sampling requirements.
Simulation data presented as a part of this study illustrate some of the differences between the formulations of three DDE-derived metrics: mFA, MA (38) , and FE (39) . For diffusivities found in normal white and gray matter (58) , and b-values that can be achieved on clinical whole-body scanners, mFA closely approximates the single-tensor FA. Previous formulations of MA and FE do not account for the gradient durations and tend to underestimate the single-tensor FA. Figure 3 shows that both mFA and FE outperform MA in accuracy (i.e., agreement with single-tensor FA) and invariance to different mean diffusivity values. This can be attributed to the superior convergence properties of the cumulant expansion used to derive mFA and FE, compared with those of the Taylor expansion used for MA.
This study demonstrates the clinical feasibility of mFA measurements and explores the potential new information they may provide about MS pathologies. Within crossing fiber regions, mFA maps were found to delineate lesional microstructural changes more clearly than FA. The mFA maps also showed a stronger difference between lesions and NAWM than FA. This is likely driven by the greater specificity of mFA to tissue damage as opposed to the sensitivity of FA to both tissue damage and crossing fibers. The improved sensitivity of mFA measurements over FA was especially apparent when comparing lesion tissue in MS patients to normal tissue in corresponding locations on controls. Although significant differences were detected in mFA for both T 1 -and T 2 -weighted abnormalities in MS patients compared with healthy controls, differences in FA were only detected for T 1 -weighted abnormalities, which are attributed to more severe tissue degeneration. The lower sensitivity of FA becomes an issue for differentiating abnormal tissue as a result of the presence of crossing fibers and partial volume with adjacent tissues, which are especially problematic for periventricular lesions. However, statistically significant differences between global NAWM in MS patients and healthy controls were found in FA from DTI, but not mFA. The retention of these differences in the down-sampled FA maps from DTI suggest that differences in image resolution cannot explain this difference in sensitivity between FA and mFA. The FA maps from DDE do not show differences in NAWM, which suggests that differences in diffusion times, echo time, or b-value (Table 1 ) may be contributing to the differential detection of FA and mFA in the global NAWM rather than image resolution. This is supported by previous work, which has shown that in vivo FA measurements of the brain are sensitive to echo time (77) and may be biased at high b-value (78) in a tissuedependent manner. However, previous studies suggest that FA values are largely insensitive to changes in diffusion time (79) . Further investigation to optimize the DDE timings for the detection of specific pathologies would be useful. Specifically, it would be useful to further investigate this discrepancy between mFA and FA sensitivity to changes in NAWM in the context of progressive forms of MS, which are expected to have more significant changes in NAWM compared with the relapsingremitting patients studied here (5, 10, (80) (81) (82) (83) .
Interestingly, mFA demonstrated novel contrast within and between lesions. The heterogeneity in mFA is not limited to partial volume effects with surrounding tissue, as the observed heterogeneity also occurs within large confluent lesions. Although mFA does not correlate with T 1 -and T 2 -weighted image intensity in healthy tissue (Fig. 7) , the mFA values within lesions displayed a strong positive correlation with T 1 -weighted image intensity, and only a weak negative correlation to T 2 -weighted image intensity. The mFA provides new quantitative information about changes in tissue microstructure that appear to be distinct from what can be seen in a T 2 -FLAIR image, which may be useful for the characterization of MS lesions.
CONCLUSIONS
Double diffusion encoding provides novel contrast based on microscopic diffusion anisotropy. Unfortunately, the lengthy acquisitions times that are typical of DDE have, thus far, limited its clinical application. By optimizing the gradient orientation scheme and sequence timings for whole-body MR scanners, the feasibility of DDE in a clinical setting was demonstrated. The mFA measurements in MS patients were found to be more specific to lesion damage compared with FA, and may provide novel methods for assessing MS progression. Although this work demonstrates the feasibility and the potential benefits of DDE imaging in vivo, additional work is necessary to establish the clinical relevance of microscopic anisotropy measurements in assessing MS and other neurodegenerative diseases. Clinical mFA measurements will benefit greatly from recent advances in diffusion gradient waveform design (20, 24) , gradient hardware improvements, and simultaneous multislice imaging (84) , and provide even greater opportunities to use microscopic diffusion anisotropy as a tool to assess neurodegeneration.
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Additional Supporting Information may be found in the online version of this article. Fig. S1 . Diagram of the DDE pulse sequence developed as a part of this study for clinical application. This specific version of DDE uses a singlerefocused spin echo with bipolar diffusion-encoding pairs (G 1 and G 2 ) on either side of the refocusing pulse. Fig. S2 . Hand-drawn white-matter ROIs in MNI space: green, crossing fiber region in the frontal subcortical white matter (FS); yellow, corpus callosum (CC); red, internal capsule (IC); blue, centrum semi-ovale (CSO). Table S1 . Apparent Radial Diffusivity for Infinite Cylinders Assessed From the Sequence Parameters Listed in Table 1 Simulations Used for Sim-1
